Introduction
From its earliest days [1] to the present [2] , the field of tissue engineering has emphasized clinical applications to tissue regeneration and repair. In this review, we discuss the applications of tissue constructs towards other purposes: for basic research on tissue mechanics and development and for phenotypic screening to discover pharmaceuticals and other bioactive materials. Engineered tissues assembled from primary or cultured cells and extracellular matrix (ECM) materials provide simplified test beds in which to study the mechanical, structural and functional properties of constructs designed specifically for these purposes.
Dissecting the responses of cells and the ECM from experiments performed on even highly idealized tissue constructs requires integrated experimentation and modelling. Central to this integrated toolset are mechanical testing protocols to characterize tissue constructs, multiscale homogenization models to interpret these measurements in the context of contributions from cells and the ECM, and biochemical tools to perturb cells and subcellular structures.
As motivation for the study of cellular biophysics in three-dimensional culture, we begin with our perspective on key observations and challenges associated with two-dimensional measurements of cell mechanics. We then review the strengths and limitations of tissue constructs as systems for probing cell and ECM mechanics, and describe several integrated experimental and multiscale modelling approaches for quantifying these. We summarize several key observations of cell and ECM mechanics in tissue constructs, and conclude with perspectives on open challenges.
Perspective on cell mechanics
Cells in solid tissues such as muscle and epithelial cells and fibroblasts have different mechanical properties and functions than circulating cells such as erythrocytes and leucocytes. The former collectively define and mechanically stabilize the structure of organs such as the heart, kidney and lungs, and drive dynamic functions such as muscle contraction and wound healing. The latter operate as individuals transporting oxygen in the blood and defending against transformed cells and foreign and infectious agents. Different experimental methods have been developed to study the mechanical properties of these two classes of cells and different conceptual theoretical approaches have been applied to interpret them in structural terms [3, 4] .
Studies of the mechanical properties of single cells, e.g. by compression between two plates [5] or by using micropipettes [6, 7] date back to the 1930s and 1950s, respectively. Micropipette aspiration, in particular, has been extensively used to study erythrocytes and leucocytes [8] [9] [10] [11] . These studies clarified how erythrocytes with diameters of 7-8 mm could squeeze through capillaries with much smaller diameters by demonstrating that resistance of an erythrocyte to shear and bending was weak, whereas resistance to membrane area expansions was much stronger.
Another approach was by indentation using a device similar in principle to an atomic force microscope (AFM) [12, 13] . This device was also used to measure the area expansion modulus of erythrocytes [14] . It was especially useful to investigate contractile functions and the role of myosin II in the capping process in lymphocytes and Dictyostelium amoebae [15, 16] and in the contribution of cell stiffening to the retention of neutrophils in the pulmonary microcirculation during acute inflammatory processes [17 -19] . More recently, AFM has also been used to study the mechanical properties of adherent cells in a variety of contexts [20] .
The response to traction or compression of a single cell held between two plates has also provided interesting information about cellular viscoelasticity in different timescale ranges that were relevant for elastic and contractile responses [21] . A similar approach was used to determine the contributions of collagen, titin, microtubules and intermediate filaments to the passive tension of individual cardiac muscle cells [22] .
These measurements of individual cells in a culture environment have provided valuable information about the mechanical properties of both circulating cells and isolated tissue cells. For the latter, however, their separation from their natural environment limits the significance of the measurements. The functions, form and mechanical properties of cells are inextricably linked to their extracellular environment [23] [24] [25] [26] . Therefore, it is necessary to measure the mechanical properties and functions of tissue cells within a three-dimensional matrix that mimics their natural environment. This is difficult to do in natural tissues. Engineered tissues allow the construction of tissue models that emphasize specific cell types and their functions, e.g. engineered heart tissues (EHTs). Finally, it is also therefore necessary to develop methods of analysis to determine the distinct mechanical properties of the cells and matrix from measurements of the engineered tissue constructs. These methods and their application are the main subjects of this review.
Engineered tissue constructs
There are many advantages to using these designed and simplified constructs:
(1) Specification of composition. Tissue constructs can be assembled from cells of specified tissue types, either primary cells or tissue culture lines, e.g. fibroblasts, endothelial cells or skeletal, smooth or cardiac muscle. These cells can be conveniently modified genetically prior to tissue assembly, e.g. using standard procedures of transfection to insert specific genes to modify cell functions or to provide fluorescent markers of cellular structures. The initial composition of the ECM can also be specified although the cells eventually secrete their own ECM components. (2) Simplified composition. One can begin with constructs that contain a single cell type and by varying the density and ECM components investigate the cell autonomous properties, cell-cell and cell-ECM interactions. One can increase the complexity of constructs, including cells of different types to investigate the effects of their interactions on the structure and mechanical properties of the engineered tissue. (3) Mimicking developmental processes. Cells remodel tissue constructs by compressing the ECM in which they are embedded and by establishing multicellular structures, e.g. cardiac and skeletal muscle myofibrils. These processes serve as models of natural functions such as wound healing and muscle development. (4) Readily study mechanics, structure and function. Tissue constructs are readily adapted to test mechanical functions such as the viscoelasticity and contractility that are important to the normal functions of the tissues they mimic. Similarly, mechanical tests are important to understand structural and mechanical changes that occur in response to pathological conditions such as malignant transformation and fibrosis. (5) Readily manufactured in large quantities and with reproducible properties. Large numbers of tissue constructs can be assembled under identical conditions to provide reproducible systems with which to conduct multi-parametric tests.
As will be illustrated below, miniaturization of constructs both conserves materials and also facilitates conducting multiple tests of structure and mechanical function. (6) Long lifetimes. In contrast to some complex organ tissues, the corresponding tissue constructs can be maintained over long periods. For example, the classical Langendorf preparation of an excised heart undergoes a significant deterioration of function over a few hours [27] . In contrast, cardiac tissue constructs preserve stable contractile function over many days [28] . (7) Applicability to screening. As discussed below, the mechanical and structural properties of tissue constructs provide convenient and informative properties with which to test the effects of chemical activators or inhibitors in a parallel and relatively rapid format. The ability to test rapidly large numbers of essentially identical tissue constructs is useful both as a research tool and to identify activities of candidate pharmaceuticals.
Disadvantages of tissue constructs include:
(1) Differences between tissue constructs and the biological tissues they mimic. The simplification of the compositions of tissue constructs is a valuable feature for understanding the functions and properties of specified cells and their interactions with one another and the ECM. Nevertheless, functions in biological tissues that depend on interactions among cell types, e.g. nerve-muscle interactions or interactions that depend on paracrine communication of rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 different cell types, will not be accessible in a construct unless specifically included in its design. For example, although the cardiac muscle cells and fibroblasts make up the majority of cells in the heart, endothelial cells secrete products that influence heart function and development. The behaviour of a construct containing only cardiomyocytes and fibroblasts may provide important information about normal and pathological properties of heart muscle, but will lack functions that depend on endothelial cells. Furthermore, there can be important structural differences between a tissue construct and the biological tissue it is meant to mimic. Tissue constructs are typically less well organized and with a lower cell density. These differences can lead to important functional differences that should be taken into account in the interpretation of studies of tissue function. An important and continuing goal for tissue engineering is to bring the structural and functional properties of engineered constructs into ever closer similarity with the biological tissues they are meant to mimic. (2) Lack of support infrastructure. Cells of a number of different types may be required for normal development and function, e.g. paracrine signals that might be absent from a simplified construct model. Constructs containing cells with high rates of energy expenditure are limited by the rate of transport of nutrients and oxygen through the construct to cells within. For example, the density of cardiomyocytes within constructs is limited to values lower than in authentic heart muscle owing to the lack of a vascular system to deliver the required nutrients and oxygen. Considerable effort is now being devoted to providing heart and skeletal muscle tissue constructs with a vascular system [29] [30] [31] [32] .
Perspective on the mechanical properties of cells and extracellular matrix in tissues and tissue constructs
This review emphasizes the role of engineered tissue constructs as a platform firstly for basic research on the mechanical, structural and functional properties of tissue constructs and, by extension, of the biological tissues they mimic and secondly for phenotypic screening of the effects of chemical activators, chemical inhibitors, and genetic modifications on tissue functions. To understand the mechanical characteristics of tissue constructs requires information about a number of properties of the cells, the ECM and their interactions, which must be obtained experimentally and then interpreted with reference to the structural constituents of the cells and ECM [3] .
(1) Mechanical properties of cells. The mechanical properties of cells depend mainly on the cytoskeleton, three systems of filaments that include the actin microfilaments, tubulinbased microtubules and the intermediate filament systems that are based on tissue-specific subunits such as vimentin (characteristic of mesenchymal or connective tissue cells), desmin (muscle cells), keratin (epithelial cells, skin), neurofilaments and nuclear lamins. The actin cytoskeleton together with several types of the motor protein myosin is principally responsible for developing contractile force, both in muscle and non-muscle cells. Microtubules are responsible for the segregation of chromosomes during the metaphase of mitosis and also serve as tracks for the transport of molecular cargo throughout the cell. The intermediate filaments appear to serve a primarily structural role protecting cells from excessive mechanical stress [33] . (2) Mechanical properties of the ECM. The structure of the ECM is dominated by protein fibrils composed of collagen and elastin that resist tension exerted on the tissue, charged glycoproteins (proteoglyclans) that resist tissue compression and glycoproteins such as fibronectin that connect protein receptors on cells (integrins) to the ECM fibres, e.g. collagen. ECM fibrils, both through their intrinsic properties and their interactions, strongly influence the viscoelastic properties of tissues. The rheological properties of collagen gels have been extensively studied [34] [35] [36] [37] [38] [39] [40] . An important subject for further study is to determine how cells remodel the ECM to increase its stiffness by compressing the ECM and cross-linking the collagen filaments [41] [42] [43] [44] [45] [46] [47] [57] . Nuclear distortion is sufficient, in some cases, to affect gene expression [58, 59] . The nuclear lamina and lamins underlie the ability of the nucleus to receive mechanical signals [60] . Lamin A appears to be critical to the ability of a cell to sense its mechanical environment and differentiate appropriately [61] . Connections between the nucleus and the cytoskeleton occur through the 'linker of nucleoskeleton and cytoskeleton' complex [62] . The nucleus can directly sense and respond to mechanical forces through nesprin-1, which triggers a stiffening of the nucleus when stressed provided that an intact nuclear lamina exists; the effect is mediated by force-sensitive phosphorylation of the inner nuclear membrane protein emerin [63] . These phenomena have strong implications for the fate of cells migrating through constricted channels [64, 65] .
A comprehensive understanding of the mechanical properties and functions of tissues and engineered tissue constructs would require extensive information about each of these subjects, which is not yet available. Some examples of recent work on several of these subjects are discussed below.
2. Experimental systems for measuring the mechanical properties of tissue constructs
Single cell systems
An early demonstration that non-muscle cells exert contractile force was the ability of fibroblasts and other types of cells to wrinkle a thin, soft silicone rubber layer [66] . Using this method, it was shown that cells that migrate rapidly, leucocytes and nerve growth cones, exert weaker forces than slowly migrating cells such as fibroblasts. Hence, the tractions exerted by the latter could be important more in morphogenesis and tissue remodelling than in locomotion [67] , a suggestion supported by later work discussed below. This approach has been made more quantitative by seeding cells atop beamcolumns sufficiently compliant to deform in flexure in response to cellular tractions [68] , and by tracking beads embedded in a two-dimensional substrate on which the cells are cultured [69, 70] or in three dimensions in hydrogel matrices [71] . These measurements provide a quantitative dimension to long-standing studies of gel compression by fibroblasts that have been related to their function in wound healing and other morphogenetic processes [72] [73] [74] .
Cell-populated microspheres
Extending beyond these idealized single cell assays requires integration of theoretical modelling with quantitative measurements performed upon a tissue construct. Theoretical and experimental studies of fibroblast-populated collagen microspheres (figure 1a) provide one approach to estimating cell traction forces in three-dimensional tissue constructs [41, [75] [76] [77] [78] . As fibroblasts within the microspheres constrict and remodel the collagen ECM, the spheres change diameter in a way that is predicted by theoretical models. Matching of model to experiment enables estimation of the time-dependent mechanical action of the fibroblasts.
Uniaxial tests on planar tissue constructs
Delvoye and co-workers directly measured the contractile force developed in rectangular fibroblast-containing collagen tissue constructs (figure 1b). One end of the construct was attached to a strain gauge; the other to a micrometer that could be used to stretch the gel to a desired tension level [79] . They demonstrated that the force exerted by the constructs increased with the number of cells and with application of fetal calf serum and decreased upon disruption of the actin cytoskeleton with cytochalasin B. Furthermore, the construct restored its original force value after an increase or decrease of applied tension, indicating the viscoelastic nature of the construct and possibly a homeostatic force regulation mechanism. Kolodney & Wysolmerski [80] obtained similar results using a similar approach in a comparison of forces generated in rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 tissue constructs containing either fibroblasts or endothelial cells and provided greater detail on changes in the organization of the actin cytoskeleton. The same method was used to demonstrate the correlation between force generation and the phosphorylation of the regulatory light chain of myosin II in a fibroblast-containing tissue construct [81] . Hence, the regulation of force in non-muscle tissue constructs is similar to that in smooth muscle. An analogous approach was also used both to illustrate the increase in force over time as fibroblasts compressed a tissue construct [82] and to show that this force development differs for fibroblasts extracted from different tissues, e.g. skin versus tendon or articular cartilage [42] . The interpretation of measurements can be complicated by non-uniformity of tissue deformation at the ends of rectangular constructs where they are attached to strain gauges, force transducers or fixed anchorage points.
Ring-shaped tissue constructs
Stress concentrations associated with attachment pose a challenge to interpretation of the measurements described above. One way to reduce these potential complications is to use a 'dog-bone' configuration in which the construct is widened at it ends to minimize the effects of the attachments on the mechanical properties of the central parts of the construct. An example is provided by an interesting study of tensile mechanical properties of collagen gels by Roeder et al. [83] .
A widespread approach to reducing effects of stress concentrations when measuring mechanical properties is to use ring-shaped tissue constructs formed in annular moulds [45] (figure 1c). A suspension of cells in a solution of collagen kept in liquid form at low temperature is placed in the annular space (typically 2-3 mm wide) between the inner surface of cylindrical mould and a central mandrel. When the mould is placed in an incubator at 378C, the collagen gels and the cells remodel and compress the gelled collagen to form a tissue construct (typically reducing its volume to 10% of its original value within 24 h). Removal of the construct from the mandrel yields a loop than can be suspended between an isometric force transducer and a linear microstepping motor. The force transducer measures force generated by contraction of muscle or non-muscle cells. The transducer also measures forces developed when the tissue is stretched to yield the tissue stiffness at various magnitudes and rates of strain. Regions of compression exist at the points of contact between the construct and the loading bars, but the effects of these can be minimized by tailoring the loading bars [84] . These constructs have been used to study the distinct contributions of cells and ECM to the viscoelastic properties of engineered tissues as described below.
Flexural assays
Newly developed methods are available to measure contractile force and stiffness of tissue constructs rapidly in a 96-well plate format suitable for drug screening and for testing multiple parameters over wide ranges of conditions. One of these was adapted specifically for engineered skeletal muscle constructs although it is also applicable to other types of muscle [85] . In each well of a 96-well plate are two flexible posts around which the tissue construct forms as the collagen ECM is remodelled by the cells (figure 1d). Contraction of the construct bends the posts, which have a known (calibrated) bending force constant. The extent of bending is measured using an imaging system and the contractile force is determined from the degree of bending and the force constant. A miniaturized version of this method has recently been developed [86] .
Palpation assays
An additional high-throughput technique for probing tissue construct mechanics also uses the ability of the cells to compress and remodel the collagen gel to form a horizontal membrane-like tissue construct stretched between two bars (1 mm diameter, separated by 4 mm) in each well in a 96-well plate [28] (figure 1e). Four or eight probes, each attached to an isometric force transducer, stretch the constructs simultaneously in a row of wells. This provides the force required to stretch the constructs a defined amount, which can be related to the corresponding increase in tension, a measure of both the stiffness and the contractile force generated in the constructs. In addition to increasing the rate of measurement, the small sizes of the constructs increase accessibility to nutrients and oxygen and also conserve precious materials.
Coupled chemomechanical experimentation
and modelling to estimate the mechanical properties of tissue constructs
What do moduli of tissue constructs mean?
An elementary test of a tissue's mechanical properties is to measure the force increment, dF, required to stretch the tissue by an amount dx. However, for each of the methods shown in figure 1 , dF is related to dx differently. We briefly summarize here what is meant by a material property such as a modulus, as opposed to a structural property such as an experiment-specific stiffness. For a prismatic specimen stretched a sufficiently small amount dx, the incremental stiffness can be characterized through a spring constant, k, using Hooke's law, dF ¼ kdx. However, the values of dF and therefore k depend not only on the material of the construct, but also on its cross-sectional area. To compare among tissue constructs, it is preferable to use parameters that characterize material properties independent of the size and shape of the measured specimens. A more general parameter is the nominal stress, s, which provides the ratio of the current value of F to the reference (unstretched) cross-sectional area, A 0 , so that ds ¼ dF/A 0 . Complementary to stress is the engineering strain increment, de, which could be defined as dx/L 0 , where L 0 is the unstretched reference length of the tissue construct.
To account for deformations more complicated than simple uniaxial extension and specimen shapes more complex than those in a prismatic specimen loaded in uniaxial tension, a more detailed definition of stress is required involving a stress tensor s. We focus on the symmetric engineering stress tensor, defined so that the vector of tractions acting within a specimen on an imaginary surface with normal n prior to stressing can be written as sn, and the component in stress in the direction t on that surface as t Á sn (cf. [87] ). For example, the three components of the traction vector on a surface that parallels the xy plane (normal vector n z ) are a normal stress s zz ¼ n z Á sn z , which is a force per unit area acting across the defined surface in the z-direction; and two 'shear' stresses s xz ¼ n x Á sn z and s yz ¼ n y Á sn z , acting rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 across the defined surface perpendicular to the z-axis in the x-and y-directions, respectively.
Similarly, deformations are often more complex than simple uniaxial extension, dx, and so require a more detailed definition of strain. Consider a material point in a specimen whose position in the undeformed body is defined by the vector X. After displacement by the vector u(X), the coordinates become x(X) ¼ u(X) þ X. The density of energy that a body stores when loaded relates to how these displacements vary over the body, quantified by the gradient ruðXÞ of the displacement field; here, ruðXÞ is calculated relative to the positions of material points before the body has deformed [88] . The simple extension of dx/L is the tensor of linearized strains, eðXÞ ¼ ð1=2ÞðruðXÞ þ ðruðXÞÞ T Þ. The diagonal terms represent a rate of change of displacement per unit length in a particular direction; for example, e ZZ % @u Z ðXÞ=@Z represents the gradient of the Z-component of displacement along the (undeformed) z-axis. In contrast, the off-diagonal terms, in the limit of small strains, correspond to a change of angle owing to shearing in the defined surface; for example, e XY % ð1=2Þð@u X ðXÞ=@Y þ @u Y ðXÞ=@XÞ: Note that many of the articles cited in this review use nonlinear strain measures such as the Green-Lagrange strain tensor, defined as EðXÞ ¼ 1=2ðF T ðXÞFðXÞ À 1Þ, where 1 is the identity tensor and FðXÞ ¼ 1 þ ruðXÞ is the deformation gradient. However, in the ensuing discussion, we focus primarily on the limit of small strains. The object when performing a test on a tissue construct is typically to relate measurements and/or estimates of these stress and strain fields to obtain the constitutive relations between them. This is challenging because, first, the tissue constructs are, in general, nonlinear, meaning that the relationship between stress and strain is more complicated than simply sðXÞ ¼ CeðXÞ, in which C is a fourth-order stiffness tensor; second, tissue constructs are, in general, not isotropic, meaning that their resistance to stretch differs depending upon the direction in which they are stretched and that C would thus be comprised of more than two 'material' constants; third, tissue constructs are inherently inhomogeneous, meaning that C varies with position and fourth, tissue constructs are typically viscoelastic, meaning that their response to a stretching force depends on the time that has elapsed after the stretch. The strategy used to make estimates of constitutive relations is typically to apply very small increments of strain, in which linear viscoelasticity provides useful estimates of mechanical response, and to wait for sufficiently long intervals of time between these increments that the previous increments have little effect on the subsequent mechanical responses.
The behaviour of a linear viscoelastic material depends upon its relaxation function, m(t), and the history of straining of the material. After an instantaneous stretch deðtÞ at time t, the stress at a time t . t is sðtÞ ¼ mðt À tÞdeðtÞ. To obtain the stress after a particular regimen of straining, eðtÞ, that occurs over the time interval t 0 to t (t . t 0 ), we sum the responses from each infinitesimal time interval to obtain sðtÞ ¼ [94] ); however, we note that much ambiguity exists on this issue, with central issues being the incorporation of elastic nonlinearity, the degrees to which relaxation depends upon strain and the interactions of strain components. Relaxation functions for tissue constructs are close to linear for times that are sufficiently short or long [95] , meaning that an asymptote in stress is usually reached after sufficient time elapses. The simplest analyses of the mechanical properties of tissue constructs involve analysis of the initial peak and the long-time asymptote of a step test such as that in figure 2. These are the focus of the following discussion. Although detailed anisotropic models for the mechanics of nonlinear collagenous tissues are becoming more advanced [75, [97] [98] [99] [100] [101] , we focus on isotropic approximations of cell, ECM and tissue construct moduli. In response to a rapid, step-like stretch of a tissue construct followed by an isometric hold (inset), an initial rise in force is observed, followed by a relaxation. (c) In response to cyclic loading, substantial changes to hysteresis occur between the first and second loadings, but the tissue construct eventually approaches a steady state after repeated stretches (adapted from Wagenseil et al. [96] ). (Online version in colour.)
Mechanical tests
Two kinds of measurements of mechanical properties are common. One is a step test in which the construct is rapidly stretched and then held at its new length. The rapid stretch causes a rapid increase of force. Then, as the construct is held constant in its stretched condition, the force decreases owing to viscoelastic relaxation over an interval determined by the characteristic relaxation times of the material (figure 2b). The parameters of greatest interest are the amplitude of force increase, the shape of the relaxation curve, which indicates the range of relaxation times that describe the material and the long-time asymptote. Ideally, for this kind of measurement de=dt ¼ Hdðt À t Ã Þ, where t* is the instant at which the stretch is applied, H scales the magnitude of the step stretch and d(t) is Dirac's delta function. Hence, the stress s(t) decays as sðtÞ ¼ Hmðt À t Ã Þ, where t* . t 0 and m(t 2 t*) may display multiple relaxation modes.
The other common test method is a ramp test (figure 2c). The construct is stretched at a steady rate de=dt ¼ _ e 0 , so that over the interval from 0 to dt the construct is stretched de ¼ _ e 0 dt. After this loading phase, the construct is gradually unloaded, typically at the same rate, so that it is returned to its initial length, de ¼ 0 at t ¼ 2dt. This yields a hysteresis curve; the force at any time during the loading phase is greater than the force at the same extent of stretch during unloading. The area between the two curves is represented by the energy dissipated, e.g. by viscous drag, during the cycle. The hysteresis area is sometimes normalized by dividing the area between the loading and unloading curves by the total area under the unloading curve. The hysteresis area, the peak force and the shape of the loading and unloading curves are the parameters of greatest interest for this type of measurement. A complication is that tissue constructs loaded in uniaxial tension cannot sustain compression, meaning that the compressive portion of the hysteresis curve can be truncated (figure 2c).
Preconditioning and the response to repeated loading
A systematic decrease of stiffness from one stretch measurement to the next has been observed in both natural tissues and in tissue constructs. This is particularly important in tests on tissue constructs, because a typical protocol, as described below, involves repeating tests on a single tissue construct to compare responses affected by a particular agonist or inhibitor. To eliminate the uncertainty caused by changes owing to repeated loading, it is customary to subject tissues to a number of 'preconditioning' loading/unloading cycles prior to measurement [89] . For natural tissues, it is typically sufficient to pre-stretch a tissue 3-15 times to ensure stable stiffness measurements thereafter [96] . For at least some engineered tissue constructs, however, more stretch cycles are required. During a series of many stretches, the stiffness of tissue constructs assembled from chicken embryo fibroblasts and collagen continues to diminish by successively smaller extents [96] . The hysteresis and peak force both drop by about 25% after the first stretch (figure 2c). The shape of the loading curve changes from nearly linear or with slight negative (concave-down) curvature on the first stretch to highly nonlinear with positive (concave-up) curvature on the second and all subsequent stretches. The hysteresis reaches a constant value of about 60% of its initial value by the 20th stretch, but the peak force continues to decline. After the seventh stretch, the peak force drops 3-4% and after 80 stretches the peak force declines by 0.3% per cycle [96] . If the construct is allowed to rest for several minutes after a stretch cycle, then the peak force and hysteresis increase. The longer the rest, the larger the increase. It seems likely that this effect exceeds what should be expected from viscoelastic relaxation and involves active cellular remodelling processes.
Overstretching a construct circumvents the need for large numbers of stretch cycles to precondition a tissue. For example, for a test carried to a maximum stretch of l max , overstretching to 1.05 l max for 10 cycles yields a steady-state peak force for subsequent stretches to l max [96] . Despite these differences for both biological tissues and engineered constructs, the dependence of peak force and hysteresis on stretch rate is relatively weak. For both kinds of tissues, the peak force approximately doubles and the hysteresis increases 25% for an increase in stretch rate of two orders of magnitude [96] .
The relaxation of stress after a step stretch occurs over a wide time range that can include very slow components [95] . Although variation of mechanical response from one loading cycle to the next can be attributed, in part, to incomplete viscoelastic relaxation, studies of biological tissues have shown that 'strain softening' is a major cause of the observed behaviour. Strain softening is a progressive decrease of stiffness and hysteresis as the tissue is stretched to greater levels of maximum stretch and has been attributed at least in part to disruption of links in the ECM [102, 103] , and to disruption of cytoskeletal structures in cells Nekouzadeh et al. [104] and Lee et al. [105] . A simple linear viscoelastic model (e.g. a generalized, three-element Maxwell model that includes both short and long viscoelastic relaxation times) can explain many features of tissue construct behaviour such as the increase of peak force with increase of stretch rate, the continuous drop of peak force over conditioning cycles, differences between first and second stretches being greater than between subsequent stretches, and varying degrees of recovery during rest intervals of varying duration. However, the generalized Maxwell model cannot predict strain softening or preconditioning by overstretch, or nonlinear force-stretch behaviour [96] .
Integrated chemomechanical experimentation and modelling
To test mechanical and functional properties of a construct, one often makes a series of measurements under different media conditions. For example, one might measure the stiffness of a construct in an initial 'baseline' state using a ramp loading and unloading cycle, then again after activation of actinmyosin contraction, and then once more after disruption of the actin cytoskeleton. Although we do not present an exhaustive review of agents useful for mechanobiology, we list a few key examples here to highlight the nature of the approach and to introduce agents used in the ensuing examples. At the level of whole cells, treatment with deoxycholate or Triton X100 eliminates cells without perturbing the mechanics of the ECM, enabling ECM mechanics to be estimated through the models described below [95, 104] . A broad range of agonists and inhibitors of actomyosin contraction exist. Although fetal calf serum is an effective agonist, specific contractile pathways can be targeted. Blebbistatin can be used to inhibit myosin II activity [106, 107] . Y-27632, the Rhoassociated kinase inhibitor, can be used to specifically affect the rho/ROCK pathway [108] , and ML-7 can inhibit rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 myosin light chain kinase [109] . Calcium-dependent contraction can be modulated via thapsigargin, which releases internal stores of calcium, with BAPTA AM, which chelate intracellular calcium and with EGTA, which chelates calcium in the external medium [105, 106, 110, 111] .
More specific inhibitors can be applied to probe the roles of cytoskeletal filament networks on tissue construct mechanics. The actin cytoskeleton can be disrupted by drugs that affect polymerization dynamics. Cytochalasin D (CD), long used to probe the role of the actin cytoskeleton in cell stiffness [112, 113] and contraction [80] , serves as a means of disrupting the actin cytoskeleton [114] . The marine toxins latrunculin A and B serve a similar role [114] [115] [116] . Microtubule polymerization can be similarly disrupted by treatment with nocodazole, although this is complicated by interactions with phosphorylation of the myosin regulatory light chain [81] . Microtubules can also be stabilized by paclitaxel (taxol). Although intermediate filament systems do not appear to affect cell mechanics at physiological strain levels, the phosphatase inhibitor, calyculin A, can be used at high concentration to disrupt actin, microtubule and vimentin cytoskeletal networks [117] [118] [119] .
In the following sections, we describe ways that coupled mechanical and biochemical experiments can be interpreted through integrated multiscale models to quantify changes to the structure and function of cells and ECM within tissue constructs.
Mechanical behaviour of tissue constructs
Three questions should be addressed at the outset of studies of tissue construct mechanics. First, how similar are the mechanical properties of the constructs to those of the biological tissues they are meant to mimic? Second, what is the structural basis of the measured mechanical properties? Third, how are the mechanical properties regulated? In the following sections, we summarize key results that shed light on these questions.
Tissue constructs replicate key behaviours
of biological tissues
Stretch-dependent stiffening
The relationship between stress and stiffness has been studied extensively in ring-shaped fibroblast-populated matrices (FPMs) assembled from chicken embryo fibroblasts and type I collagen [45] . Using the device in figure 2 , dynamic stiffness was measured by subjecting the FPM to a small (less than 0.5%) sinusoidal strain (0.5 Hz) that induced a corresponding sinusoidal variation of force. The dynamic stiffness was defined here as the amplitude of the force change divided by the strain amplitude. The dynamic stiffness was measured as the construct was subjected to a slow ramp loading/unloading cycle (approx. 0.01% s
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) that produced a force versus stretch hysteresis curve.
Exposure to calf serum activates actin-myosin contraction and so increases the force the FPMs exerted. Conversely, treatment by CD disrupts the actin cytoskeleton and so decreases the force. In contrast to a simple linear spring for which the stiffness is constant, the dynamic stiffness of an FPM is proportional to force as the force is changed not only by a ramp strain but also by treatment with calf serum or CD. Hence, dF/dx ¼ aF, and so force is proportional to the exponential of strain (F exp(ax) ). This relationship is also a characteristic property of many biological tissues [89, 120] and so represents an important congruence between biological tissues and engineered tissue constructs.
The apparent viscoelasticity indicated by the hysteresis loop in ramp loading/unloading cycles suggests that force and stiffness should vary with the rate of strain. This dependence is, however, quite weak. The dynamic stiffness of calf serum-activated FPMs increases less than twofold over a 100-fold change in oscillation frequency [45] . For non-activated and CD-treated constructs that exert lower levels of force, the dependence on frequency is even weaker. This weak dependence of stiffness on strain rate resembles that seen for biological tissues [89] . Decomposition of the relaxation modulus into components that measure the elasticity and viscosity of the construct shows that the elastic resistance to stretch is greater than the viscous resistance and that the viscous resistance arises mostly from the cells [45] .
Frank -Starling mechanism
Tissue constructs engineered to mimic heart tissue are an important tool for drug discovery and for testing cardiotoxicity [121] . The earliest of these tissue constructs were composed of chick embryo fibroblasts in rat tail (type I) collagen [122] , and various forms of mechanical and electrical conditioning have been shown to improve the structure and contractile function of these and related cardiac tissue constructs [123] [124] [125] [126] .
Although the periodic contractile forces in these EHTs are far below those of normal myocardium, they appear to be reasonable mimics qualitatively. One important qualitative feature retained by EHTs is the Frank-Starling mechanism, characteristic of heart muscle. In the Frank-Starling response, pressure developed during heart contraction increases with increasing ventricular filling volume or applied pressure, enabling cardiac output to be adjusted in response to physiological demand. Dependence of contractile force on stretch in skeletal muscle (figure 3b) results from stretch-dependent variation of the degree of overlap of thick (myosin) and thin (actin) filaments (number of functioning myosin cross-bridges). The much steeper dependence of contractile force on change of tissue length observed in cardiac muscles [128] is ascribed to (i) a strain-or stress-dependent increase of release of calcium from sarcoplasmic reticulum, (ii) a change in calcium sensitivity of the contractile apparatus, and (iii) associated stretch-dependent changes to cross-bridge kinetics [129, 130] . EHTs display a corresponding steep slope in the variation of twitch force with baseline force (figure 3) [127] .
Modelling of disease
Tissue constructs can replicate key features of a range of pathologies. The aforementioned EHTs, when synthesized with a population of myofibroblasts, serve as a model of fibrotic cardiomyopathy, including loss of contractile function associated with overgrowth of myofibroblasts [131] . A broad range of cancers are replicated faithfully in tissue constructs that incorporate tumour cells [132] . One early exemplary system recapitulates breast cancer-like acini in vitro through a three-dimensional basement membrane culture assay [133] . Another exemplary system is the highthroughput Xu model for ovarian cancer, which captures rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 the strong interdependence of fibroblasts and ovarian cancer cells in the formation of multicellular acini [134] . Cell migration in tissue constructs is fundamentally different from that observed in cells on two-dimensional substrata, including uniaxial trajectories, independence of motion on ECM ligand density, strong dependence on myosin II contractility and a positioning of the centrosome posterior to the nucleus [135] . Many of these features are central to the migration of cells, especially cancerous cells, in three-dimensional tissues [136, 137] . Recent advances in controlling the pore size, composition and mechanics of the ECM enable more detailed replication and perturbation of the tumour microenvironment [138] . The ability of tissue constructs to replicate these elements of pathological tissues make them important tools for probing the roles of the ECM and mechanical environment on pathologies including a range of cancers [139] .
Integrated modelling and experimentation can quantify the structural basis of mechanical function
The linkage between structure and mechanical function in tissue constructs is evident from even the simplest observations of their form and response. We begin with some fundamental observations, then proceed to discuss several [45] . This trend is evident as well in FPMs cultured over 3 days which showed that the degree to which cells reduce the volume of a tissue construct during remodelling increases with increasing number of cells per unit volume (figure 4) [95] . In this latter study, cells were further found to proliferate or die off to approach a concentration near the steric percolation threshold, the concentration of cells at which they form a continuous (steric) network. Cells in FPMs with the lowest starting cell concentrations proliferated, whereas those in the FPMs with the highest starting cell concentrations decreased in number. Simple mechanical tests on ring-shaped FPMs showed systematic variation of the cellular contribution to force for the constructs containing 0.4, 0.7 and 1.0 million cells; the constructs containing 100 000 cells, however, contributed less than predicted from the trend established by the higher concentrations. When normalized by the force per cross-sectional area of the cells in the construct, the hysteresis curves for the cellular component for the three higher concentrations nearly coincided, indicating that the force per cell was similar in these constructs, but the corresponding curve for the lowest concentration was substantially lower [45] . This reveals that cell-cell interactions for the three higher concentrations were similar and were different from those experienced at the lowest concentration. This may have been due to the establishment of an interconnected network at the higher concentrations with the cells interacting mechanically either directly via the formation of junctions (adherens or tight junctions) or linked through the collagen traction fibres [99, 141] . In contrast, the cells at the lowest concentration appear to have been mechanically isolated, as supported by cross-sectional images devoid of cells; FPMs with the three higher cell concentrations had 
Parallel decomposition
The most elementary question about the relationship between the structure of a tissue construct and its mechanical properties is, what are the relative magnitudes of the contributions of the cells and the ECM? The simplest approach involves assuming that these contributions add in parallel (an assumption discussed in detail below), so that the force, F t , exerted by the untreated intact tissue construct as it contracts or as it is stretched is F t ¼ F c þ F m , where F c and F m are the forces exerted by the cells and the ECM, respectively. Supposing further that treatment of the construct by CD effectively disconnects the contributions of cells, leaving only the contribution of the ECM, F m can be measured during a ramp loading/unloading cycle of a CD-treated construct [45] . The difference between the response of the untreated tissue construct (solid line for an FPM, figure 5 ) a CD-treated construct (dashed line, figure 5 ) is then an estimate of the force exerted by the cells:
Even this simple decomposition provides much insight into the mechanical behaviour of cells and the ECM. Except at the lowest strains, the hysteresis curves for the ECM and the FPM are similar, highly nonlinear and with concave-up curvature, a pattern incompatible with linear viscoelasticity [45] . For the cellular component, the curves are more nearly linear with a relatively shallow slope, suggesting a response dominated by a small elastic response superimposed upon a constant contractile stress. Regions of negative curvature are evident in the regions of lowest and highest force, reflective of the straininduced disruption of the actin cytoskeleton that later analyses confirmed [104, 105, 143] . At the lowest strains, the force exerted by the ECM is very small, so that the hysteresis curve for the intact construct also shows negative curvature. As the strain increases, the force exerted by the ECM surpasses that exerted by the cells and so dominates the hysteresis curve of the intact tissue. The stiffening of the ECM as strain increases is understood as a hallmark of collagen fibres being recruited differentially with increasing strain [100, 144] , and could serve to protect a tissue from overextension. Below we describe a molecular theory of strain stiffening that depends on the semi-flexible character of cytoskeletal or ECM filaments.
Multiscale cell-to-tissue modelling
The structural basis of the mechanical properties of tissue constructs can be considered at several levels: interconnected cellular networks, the systems of polymeric fibres that that make up the cytoskeleton (actin, microtubules, intermediate filaments) and the ECM (collagen, elastin, etc.) and finally the individual cytoskeletal and ECM filaments. Quantifying the contributions of these components from the experimental approaches described above requires modelling efforts more detailed than those described above, accounting for such features as the organization, volume fraction and contractility of cells; the nature of the ECM and the connectivity between cells, ECM and subcellular components. A broad range of active hydrogel models exist now, capable of predicting the polarization and function of tissue constructs [145 -147] . We summarize here as an example the Zahalak model and its extensions.
A feature common to all of these models is consideration not of force but of stress. Ramp or step stretch measurements provide values of stiffness (change in force/change in length owing to stretch) and time course of the relaxation of force. These properties depend on the dimensions of the construct being tested, e.g. all other things being equal, the stiffness of a construct will increase with its thickness. It is, therefore, preferable to reduce the measurements of force to nominal stress and to represent the relaxation properties in terms of the relaxation modulus as described above. The Zahalak model [148] is a constitutive model of the tissue in which structural features of the cells and the ECM are represented as elastic and viscous elements. The moduli and the viscosities of these elements, derived by comparing the model to the experimental results, supply quantitative parameters with which to compare constructs and to predict dependence of stress on deformation history. The Zahalak model makes explicit the separate contributions of cells and the ECM. The model focuses on the limit of small strains (less than 10%).
For a tissue construct assembled from collagen and contractile cells such as myofibroblasts, the Zahalak model arises by combining in parallel the passive, viscoelastic contributions of ECM and the passive viscoelastic and active contributions of the myofibroblasts sðtÞ ¼ f c ðtÞs ðcÞ ðtÞ þ ð1 À f c ðtÞÞs ðmÞ ðtÞ, ð4:1Þ
where s ðcÞ ðtÞ and s ðmÞ ðtÞ are the average stresses in the cells and ECM, respectively, and f c (t) is the volume fraction of cells. s ðcÞ ðtÞ and s ðmÞ ðtÞ vary with time owing to passive viscoelastic effects, active cellular contraction and ECM remodelling, and f c (t) varies owing to cell proliferation or death and cell or ECM remodelling. Because all features of a living tissue construct vary with respect to time, we drop the notation indicating time variance in the ensuing discussion. We also note that individual mechanical tests are typically conducted over time increments for which changes to f c and effects of remodelling are negligible.
Zahalak estimated the cellular stress s (c) by regarding cells as contractile rods with a specified distribution of where V represents a sphere of unit area, e ðcÞ is the time history of the average strain in the cells, N is the number of cells per unit volume, l 0 is the length of the cells, and the term Nl 0 is equal to the cellular volume fraction divided by the cell cross-sectional area ( f c ¼ NA c l 0 ). A broad range of imaging techniques exists to estimate P(n), N and l 0 [150 -152] . Then, the following differential equation can be written for the evolution of s (c) as a function of the time history of e ðcÞ :
ðe c ðtÞ; tÞ
where the two 'anisotropy tensors' have components A ij ¼ kn i n j l and B ijkl ¼ kn i n j n k n l l, in which i, j, k and l take the values of 1-3, and k Á l was defined in the second line of equation (4.2).
The relationship of the average strain field in the cells e ðcÞ to the average strain field in a tissue construct e is a function of the mechanical properties and loading history of both the cells and the ECM. As an illustration suppose that cells are very stiff compared with the ECM and are present at very low concentration. As the construct is stretched, the cells experience little strain, and so the stiffness will be determined by the strain of the ECM. If, however, the cells form a continuous network from one end of the construct to the other, then the cells and ECM will stretch together and the stiffness of the construct will be dominated by the stiffness of the cell network. As suggested by this example the extent to which the cells and ECM stretch coordinately depends on the concentration and mutual interactions of the cells in the construct. A broad range of linear [153, 154] and nonlinear [155, 156] homogenization techniques exist for predicting this, although these are less accurate for high volume fractions of cells [157] . The approach of Marquez et al. [158] was to define a 'strain factor,' S, the ratio of the average strain of a cell along its axis to the average strain of the tissue construct resolved along the cell axis, n Á e ðcÞ n ¼ Sn Á en, where, in a two-dimensional elastic tissue, S % ð1 þ KE c w=E m l 0 Þ À1 in which E c and E m are the effective tangent moduli for the cell and ECM, respectively, and w and l 0 are the width and lengths of the cells, respectively [159] ; similar scaling laws exist for three-dimensional tissue constructs [158] . The Eshelby [160] solution for an isolated ellipsoidal linear elastic inclusion in a linear elastic ECM can be manipulated to yield K ¼ 2. Monte Carlo simulations for randomly oriented two-dimensional ribbon-shaped cells yield K ¼ 2.2. This approach provides a reasonable approximation for isolated cells with an aspect ratio of 10 : 1 or greater, independent of cellular anisotropy, provided that stress fibres are aligned with the long axis of the cell [161] . When the cells are at high concentration, their mutual interactions extend their effective lengths and disproportionately increase the modulus through their effect on the ECM. Hence, one can define an 'effective' cell length and modulus, l eff and E eff , from which one can construct an effective normalized cell stiffness Y eff c ¼ wE c =l eff E eff and from this the strain factor S ¼ ð1 þ KY eff c Þ À1 , where K is a scaling factor.
A key result is that S approaches 1 at cell volume fractions at or above the steric percolation threshold. The contribution of the ECM in equation (4.1), ð1 À f c Þs ðmÞ ðe ðmÞ ðtÞ; tÞ, can be represented by any of a number of viscoelastic relations, commonly broken into volumetric and distortional relaxation moduli. A common choice for modelling a biological material is Fung's quasi-linear viscoelastic (QLV) model, which applies to materials that show elastic nonlinearity but that retain some features of linear viscoelasticity in their relaxation responses. Supposing that the ECM is an incompressible Fung QLV material, s (m) (t) can be expressed in terms of the pressure and a convolution of an 'elastic stress' and a relaxation function, m(t).
Note that the weighted volumetric averages of cellular and ECM strains must sum to the average strain in the tissue construct, so that e ðmÞ ¼ ðð1 À S f c Þ=ð1 À f c ÞÞe. In a typical experimental measurement, one first determines the stress relaxation for the tissue construct s 11 (t) in response to an uniaxial step stretch in the X-direction that results in a strain of magnitude e 11 . Then, after disconnecting the cells from the ECM using CD or a detergent, one determines the relaxation function for the ECM m(t) from a rsfs.royalsocietypublishing.org Interface Focus 6: 20150095 second step stretch of the same magnitude. The complicated equations that describe s(t) in response to a prescribed strain can be reduced to simple forms for measurements with small uniaxial step strains e 11 [148] . For a tissue construct with a volume fraction of cells f c that is near the percolation threshold, the relaxation function for the ECM can be approximated from the measured stress relaxation, s ðmÞ 11 ðtÞ as mðtÞ ¼ s ðmÞ 11 ðtÞ=ðð1 À f c Þ3e 11 Þ. To account for the cellular contribution to the stress, it is necessary to determine the cell anisotropy tensors from the specified distribution of cell orientations. Based on experimental observation of the tested tissue constructs, it is reasonable to approximate the orientation distribution as planar isotropic [45, 148] . Then, one can determine spring constants and viscosity for the cells from the measured responses to a fast uniaxial step stretch from
where t c ¼ h/k s is the relaxation time for the cells [148] . From the long-time value of the ECM relaxation function m 1 , one can determine the contractile stress, s 0 (derived from the contractile force, F 0 ) from the following
Here, s 11 ð0 À Þ is the stress sustained by the tissue after it has reached a steady state prior to the step stretch. Experimental measurements for these myofibroblast-based tissues showed that the relative contribution of cells was greater at the lowest strains because of the exponential increase of the stiffness of the ECM with stretch compared with an approximately linear dependence of the stiffness of the cells. The force produced by a single myofibroblast was in the range 700-800 nN (s 0 400 Pa), as expected, much larger than the value for individual leucocytes deduced from measurements of cortical tension by micropipette aspiration [9] . The moduli determined for the myofibroblasts in engineered constructs are comparable to those of smooth muscle cells, suggesting that the transformation of normal fibroblasts to the wound-healing (myofibroblast) phenotype is in the direction of smooth muscle cells as suggested by functional and structural criteria Tomasek et al. [162] .
Polymer-based structural models can explain certain aspects of tissue construct mechanics
The mechanical properties of cells and their ECM determine the mechanical resilience of organs and tissues. A plausible starting point for analysing the mechanics of both cells and the ECM is their behaviour as polymer systems [3, 163, 164] . One might suppose that the viscoelastic properties of cells arise simply from the viscoelastic properties of the cytoskeletal filament systems. The time-dependent deformability of single cells [12, 13] , tissues [89] and tissue constructs [95] , however, show strain stiffening, i.e. the slope of the forcedeformation (stiffness) curve increases with increasing strain. This is incompatible with simple linear viscoelasticity. This nonlinear behaviour likely arises at least in part from the intrinsic stiffness of the cytoskeletal and ECM filaments. The persistence length, l p , a conventional measure of the polymer's stiffness, is the average distance over which the axial direction of a polymer filament loses correlation with itself, i.e. undergoes random bending. The higher l p , the stiffer the filament. The relative stiffness of a polymer molecule can be simply judged by comparing l p with the total contour length of the polymer molecule, L c . In cells and ECM, biological polymer filaments are typically neither very flexible with l p ( L c nor very rigid with l p ) L c , but rather are in the semi-flexible regime in which l p and L c are of similar magnitudes. The persistence lengths of cytoskeletal filaments vary over a fairly wide range, extending from microtubules, l p % 5200 mm [165] , to actin microfilaments, l p % 20 mm [165, 166] and to vimentin and desmin intermediate filaments, l p % 1 mm [167] [168] [169] . Collagen fibrils are stiffer still with l p % 1 cm [169] [170] [171] . In cross-linked networks, with the effective contour length being the distance between network nodes, the polymer molecules bend significantly between the nodes, but are not so flexible as to form random coils over this distance.
A molecular theory shows that networks of semi-flexible polymers, including cytoskeletal and extracellular filaments, conform to universal nonlinear stress -strain relationships at low-to-intermediate strains [172] . The theory develops from a relationship that relates the tension that elongates the end-to-end distance of a filament to its bending modulus [173] . The strain-stiffening behaviour results from the semiflexible character of the polymer filaments; increasing strain of the network increases the stiffness of the filaments. The persistence length of the filaments determines the strain at which stiffening becomes important. Stiffer cytoskeletal filaments, e.g. F-actin or collagen, undergo strain stiffening at small strains (a few percent), whereas more flexible filaments such as vimentin stiffen only at much larger strains (approaching 100%) [172] . The maximum extent of strain stiffening depends on the compliance of the filaments and the strain at which the filaments rupture.
Although this molecular theory of the properties of passive semi-flexible filament networks helps to explain the strain stiffening of cells and tissues, it does not consider the important role of cell contractility in determining cell and ECM stiffness. Measurements by micro-indentation provide examples of the dependence on contractility of the stiffness of lymphocytes [15] and Dictyostelium amoebae [16] , cells that are not in solid tissues. Cross-linking cell surface proteins initiate a process called 'capping' that includes a redistribution of the cross-linked membrane proteins to one region of the cell and a change of cell shape associated with an increase of myosin-dependent contractility [16] . The contraction increases cell stiffness by stretching the cytoskeletal cortex around the interior of the cell. The tensegrity model provides an explicit structural interpretation of this concept in the form of a dynamic balance between an actin -myosin cortical contractile force supported by compression-resistant cytoskeletal structures such as microtubules or, for tissue cells, by linkage to the ECM [174, 175] . The role of microtubules as the principal structures that support cortical tension is still uncertain. The tensegrity model predicts that disruption of microtubules should increase the tension that cells exert on their substratum or, if in three-dimensional culture, to the ECM and this has been observed [81, 176] . The disruption of microtubules in engineered fibroblast tissue constructs, however, also increased actin -myosin contractility, which seemed to account for most if not all of the increased cell stiffness [81] . Later work suggests that both increased contractility and load-shifting from microtubules could be responsible for the measured tension increase [55] .
Regulation of mechanical properties 4.3.1. Elastic estimates
How do cells and the ECM affect one another's mechanical properties? In two dimensions, AFM indentation analyses of cells on synthetic gel substrates of varying stiffness revealed that the indentation stiffness was associated with an elastic modulus approximately equal to or slightly lower than those of their substrates for a range of soft gels, up to a saturating value of 20 kPa [177] . In three-dimensional FPMs, the opposite trend was observed for cells, and both cell and collagen ECM moduli change as a function of remodelling and cell density. These latter compared consecutive loadings of an FPM, with the second loading conducted after action of a detergent to lyse cells. We note that when cells are eliminated from tissue constructs by treatment with a detergent such as deoxycholate, the volumes previously occupied by the cells are then filled with fluid. The effect of this replacement will depend on the stiffness of the cells that have been removed. Hence, it may be necessary to take this effect into account to obtain an accurate estimate of the modulus of the ECM from measurements of the stiffness of a construct after detergent treatment. FPMs at 3 days of culture and myofibroblast concentrations less than 10 7 cells ml 21 showed an ECM modulus that was nearly indistinguishable from that measured on the CD-treated construct, whereas for FPMs containing approximately 14 Â 10 7 cells ml 21 the difference between the two was about an order of magnitude [140] . Short-term (immediately after rapid loading) and long-term (after 3600 s of relaxation) elastic moduli increased by roughly four orders of magnitude as the cell concentration was increased from about 0.6 Â 10 6 to about 150 Â 10 6 cells ml 21 ( figure 7 ). Estimated cell moduli dropped over the same range, with the cell and ECM long-term and short-term moduli intersecting at a final cell concentration above the steric percolation threshold [140] . These results indicate that interactions among cells at high concentration have a large effect on the mechanical properties of the construct. Do cells behave differently in two versus three dimensions? The comparison is difficult, because cell moduli estimated by both the AFM and FPM studies are effective moduli subject to artefacts. AFM probes cells on substrata, in a direction perpendicular to the plane of their stress fibres, and moduli must be estimated using the Hertz solution that is accurate only for indentation of homogeneous, isotropic media. However, interpretation of three-dimensional FPM data is also challenging, especially at low cell concentrations, because anisotropic ECM remodelling gives cells long-range interactions that effectively increase their apparent size [99, 141] and because local collagen synthesis [142] can lead to inhomogeneity in the ECM. However, when taken together with the observation that cell populations seem to adapt to approach the percolation threshold, these results suggest that cells in three dimensions adapt themselves, their numbers and their ECM to match the moduli of cells and ECM.
Regulation of cellular form and function
Cells regulate their shapes and contractility by forming stress fibres and by establishing focal adhesions in response to the local topographical features and adhesive properties of their two-dimensional substrate or three-dimensional ECM environment. Laws governing how cells regulate their form and function are desirable from the perspectives of both fundamental biophysics and of drug screening to be able to detect subtle changes. Although models for cells within tissue constructs still require development and validation, we conclude by discussing one of these in detail to provide a sense of the state of the art. A groundbreaking advance presented elsewhere in this issue derives an expression for the free energy of a cell within an elastic ECM that can be applied to predict a broad range of these responses [178] .
Here, we focus on the Deshpande model, another model that links dynamic biochemical processes to cell mechanical properties [179] [180] [181] [182] [183] [184] . The Deshpande model was motivated by studies of cells adherent to patterned substrata or to an array of microneedles that illustrated how the shape and compliance of the adhesions sites influence the organization of the cytoskeleton and the focal adhesions [68, 185] . The model addresses two interdependent remodelling processes-formation (and dissolution) of stress fibres and of focal adhesions-that are modulated by the mechanical stress (tensile forces) sustained by the cell. Earlier work has shown that stress fibres form when a cell is subjected to mechanical stress, e.g. under conditions of isometric tension [186, 187] , whereas relaxation of the tension caused disassembly of stress fibres.
An activation signal C(t) and the tension T acting on a stress fibre control the balance between the fibre's growth or disassembly. If the signal is initiated at time t 0 , its magnitude decays as CðtÞ ¼ exp( ðt À t 0 Þ=uÞ, where u is the signal relaxation time. Suppose that the dimensionless parameter h (0 h 1) is the fraction of the maximum possible concentration of polymerized actin and phosphorylated myosin, rsfs.royalsocietypublishing.org Interface Focus 6: 20150095
i.e. activated actomyosin, under the current conditions in the cell. Then, the rate of stress fibre formation is proportional to 1 2 h (the remaining available unpolymerized actin and myosin) and the activation signal C(t). The rate of stress fibre disassembly is proportional to h and (1 2 T/T 0 ), where T 0 ¼ h T max is the isometric tension for the current value of h, and T max is the tension at maximum activation (h ¼ 1). Hence,
where k f and k b are dimensionless rate constants for the assembly and disassembly of the stress fibres. The rate of stress fibre disassembly is maximal when T ¼ 0, and there is no disassembly under conditions of isometric tension. There is a graded rate of disassembly at intermediate levels of tension [179] . One gains some insight into the model by examining the steady-state value of h: h ss ¼ ðCKþðT=T max ÞÞ=ðCK þ 1Þ, where K ¼ k f =k b is in effect an equilibrium constant for stress fibre assembly. Suppose also that C is maintained at a steady-state activation level C ss . As expected, h ss approaches 1 when C ss K is large compared to unity and to T/T max . When C ss K is small compared to unity and to T/T max , then h ss approaches T/T max , meaning that the steady state level of stress fibre assembly is proportional to T. This model accounts for several observed phenomena: the increase in cell-generated tension with increase of substrate stiffness, the relationship between the structural polarization of the cell and its shape and pattern of attachment to the substratum, and the high concentration of stress fibres at points of substrate attachment [179, 180] .
The model for focal adhesion formation supposes that integrin molecules can be in either a high-or a low-affinity form for binding to ECM ligands [181, 183] . The molecules in the low-affinity state are supposed to be in a bent confirmation and can be converted to a straightened high-affinity state by mechanical tension. Furthermore, the low-affinity molecules are mobile in the cell membrane, whereas high-affinity molecules are immobilized by their connection to the ECM. The equilibrium balance between integrin molecules in low-and high-affinity states is controlled by the tension exerted on the cell membrane either externally or by cell contractile forces. When an activation signal initiates cell contractile force, the formation of focal adhesions follows a sequence of steps: (i) the contractile force develops tension at sites of connection between the high-affinity integrin molecules and the ECM (typically at the cell edges); (ii) the increased tension converts more integrin molecules from the low-to-high affinity state increasing the size of the focal adhesion; and (iii) the concentration of low-affinity integrin molecules is replenished by diffusion from other parts of the cell membrane. Hence, as the traction force increases, the size of the focal adhesion increases correspondingly as expected from experimental observations [186, 187] . The model also is consistent with observations that focal adhesions concentrate at the edges of the cell and that focal adhesions disassemble when contractility is inhibited [188] .
This model has been successful in predicting the regulation of cell form and function for cells patterned on two-dimensional substrata, including for complex threedimensional loadings of these cells [189] [190] [191] [192] . The validation of this for cells in three-dimensional tissue constructs remains an ongoing focus of research efforts [4] .
Concluding remarks
The basic toolbox for the dissection of tissue constructs by chemical treatment and integrated multiscale modelling and experiment has uncovered a broad range of important fundamental behaviours of cells and ECM in three-dimensional culture. Models of tissue constructs such as the Zahalak model and its modifications enable dissection of tissue construct mechanical responses into cellular and ECM components. Models of ECM and cell regulation such as the Shenoy and Deshpande models constitute important advances in our ability to dissect cellular biophysics in three dimensions and will serve to assess how drugs affect this biophysics. Validating these models in tissue constructs is an important direction for future efforts, and identifying situations in which their predictions fail will certainly uncover new and interesting biophysics. Key areas of uncertainty are the structure and mechanical properties of the ECM of the pericellular region, and how cells choose to remodel themselves and these local-and tissue-level environments to reach desired set points. More complicated tissue construct models are becoming available, and new predictive models for how features such as vasculature, heterogeneous cell types, and developing or diseased cells are needed to fully harness their potential though integrated multiscale modelling and experiment.
